Abstract. In the design of patient specific mathematical models of cardiac mechanics, the lack of patient specific input data leads to default settings of various model parameters. To estimate the potential errors thus introduced, we evaluated changes in predicted mechanics in a model of the left ventricle (LV) induced by changes in geometry, fiber orientation, heterogeneity of passive material behavior and triaxial active stress development. Incorporation of measured heterogeneity of passive stiffness did not affect systolic mechanics. Incorporation of triaxial active stress development did significantly affect systolic mechanics, but knowledge on this mechanism is too limited to draw conclusions. LV geometry variations covering the biological range changed the equatorial distribution of active myofiber stress and shortening by about 10 to 15%. Similar changes were found by variation of fiber orientation by 8
Introduction
The pump function of the heart finds its origin in the contraction of the myofibers in the cardiac wall. The contribution of a myofiber to the cardiac pump function depends among others on the timing of its electrical activation, on the oxygen supplied through the coronary perfusion, on its intrinsic contractile properties, on its position and orientation in the cardiac wall, and on the mechanical load it experiences from its environment. The interplay between all contracting myofibers results in a three dimensional deformation of the cardiac wall, which can be assessed non invasively through Magnetic Resonance Tagging.
Cardiac pathologies, e.g. conduction disorders or regions of ischemia, may become manifest in abnormalities in the deformation pattern. Clinically, it would be desirable to be able to deduce the underlying pathology from deformation abnormalities. Moreover, it would be interesting to know the associated abnormalities in the spatial distribution of myofiber stress and strain, since stress and strain are known to initiate tissue adaptation.
Mathematical models of cardiac mechanics can be used to perform this inverse analysis. In these models, the sensitivity of predicted cardiac deformation to the settings of the model parameters plays a crucial role. First, already in the healthy heart various model input parameters cannot be assessed directly and, consequently, one has to revert to default settings. It is important to know how sensitive model output is to errors in model input. Second, the sensitivity is needed in the inverse analysis, to guide an optimisation process in which the difference between measured and computed LV deformation is minimised.
In the present study we used an existing model of left ventricular wall mechanics [3, 4] to investigate the sensitivity of the predicted myofiber stress and strain at the equator to changes in geometry, myofiber orientation, and material properties.
Methods

Description of the Model
In the model, the zero transmural pressure state in diastole was chosen as a reference. In this state, the LV endocardial and epicardial surfaces are approximated by truncated confocal ellipsoids (Fig. 1) . The geometry is quantified by wall volume V w , cavity volume V cav , a common focal length of the ellipsoids C, and the height h, above the equator at which the ellipsoids are truncated. The ellipticity of the cavity E cav , was defined as the ratio of the minor and major axis length of the inner ellipsoid.
Myofiber orientation in the reference state is quantified by the helix and transverse myofiber angles [16] . The helix angle, α h , was defined as the angle between the local circumferential direction and the projection of the myofiber direction on the plane normal to the local transmural direction. The transverse angle, α t , was defined as the angle between the local circumferential direction and the projection of the myofiber direction on the plane normal to the local long axis direction. Spatial variation of α h and α t over the myocardial wall is described as a function of a normalized transmural coordinateξ, and a normalized longitudinal coordinateθ (Fig. 1) . The helix angle is given by:
The setting of the reference distribution α h,ref (ξ,θ) was taken from literature [13] . The coefficients a h,0 and a h,1 were introduced to enable change of slope and offset of α h with respect to the reference setting. The setting of α t (ξ,θ) was also adopted from literature [13] .
Total Cauchy stress in the tissue is described as the sum of a passive component σ p , and an active component σ a . The passive Cauchy stress σ p is derived from a strain energy function W (E), composed of a transversely isotropic term 
The expressions for W m and W v were taken from [20] . The function a pas,0 + a pas,2 ξ 2 was added to enable transmural variation of passive stiffness. The active stress is modelled with an elastic element in series with a contractile element (see [3] for details). The first Piola Kirchhoff active stress T a is described as :
with sarcomere length l s , contractile element length l c , time elapsed since activation t s , and stiffness of the series elastic element E a T max . The function T max (l s , l c , t s ) was adopted from [3] :
Here T 1 is a reference level of active stress, f (l c ) describes the active stresslength relation, and g(t s , l s ) is related to force development during an isometric twitch, with stress decay depending on sarcomere length. The evolution of the contractile element length is described by:
The active stress tensor σ a is described by: where λ f , λ cf 1 and λ cf 2 denote stretch ratios in myofiber and both cross-fiber directions. The factor a act enables stress development not only in the myofiber direction e f , but also in the cross fiber directions e cf 1 and e cf 2 .
In the calculations, a complete cardiac cycle is simulated [3] . In each phase of the cycle, a uniform LV pressure is prescribed at the endocardium, while epicardial load equals zero. During diastolic filling, cavity pressure is prescribed to increase from 0 kPa to 1 kPa. The filling phase ends at t = 200 ms. At that moment, active stress development is initiated in all myofibers simultaneously. During isovolumic contraction, LV pressure is determined such, that it balances the increasing myofiber stress in the wall at a constant cavity volume. Ejection starts as soon as cavity pressure exceeds a prescribed pressure level, set at 10 kPa. During ejection, ventricular pressure and volume are determined from the interaction of the ventricle and the arterial system, simulated by an ideal aortic valve, in series with the aortic input impedance, represented by a 3 element Windkessel model [4, 23] . The ejection phase ends as soon as the aortic flow becomes negative. During isovolumic relaxation, again cavity pressure is determined such that cavity volume remains constant.
Stresses and strains in the wall are determined from the equations of conservation of momentum. These equations were converted into a Galerkin-type finite element formulation, elaborated in triquadratic 27 node brick elements with three displacement components as nodal degrees of freedom. The left ventricular wall is represented by 108 elements. As a boundary condition, axial motion of all nodes in the basal plane and circumferential motion of four nodes in the endocardial basal ring are suppressed during the cardiac cycle.
Model Variations
In all models, V w and V cav were set to 140 ml and 40 ml, respectively. The baseto-equator distance h was set to half the long axis of the endocardial ellipsoid. The reference model ref was defined setting C = 43 mm (yielding E cav = 0.35), a h,1 = a pas,0 = 1 and a h,2 = a pas,2 = a act = 0. The effect of variation of geometry is studied in models sphere and cyl, obtained by variation of the focal distance C. The effect of variation of myofiber orientation is studied in models helix*1.1, helix*0.9, helix+5 and helix-5. The effect of variation of variation of material properties is studied in models heter, mimicking the experimental observation that myocardial tissue stiffens near the endocardium and epicardium [11] , and triax incorporating the experimental finding of active stress development in cross-fiber direction [9, 19] . Details of the models are shown in Fig. 2 and Table 1 .
Presentation of Results
In each simulation, hemodynamics and spatial distribution of active myofiber stress and sarcomere length were calculated as a function of time during the cycle. For assessment of the effect of the model variations, we focussed on the transmural distribution active myofiber stress s a , as averaged over time during the ejection phase, and sarcomere shortening ∆l s during ejection. 
It is noted that the coefficients s 1 and d 1 describe the redistribution of s a and ∆l s between the subendocardial and subepicardial layers, while the coefficients s 2 and d 2 describe the redistribution between the midwall and superficial layers.
Results
Hemodynamics and sarcomere mechanics for simulation ref are shown in Fig. 3 . Maximum LV pressure is 19.6 kPa, while stroke volume is 31.2 ml ( Table 1) . The time course of active myofiber stress and sarcomere length resembles that of LV pressure and volume, respectively. With a coefficient of variation of 4%, the transmural distribution of active myofiber stress is fairly homogeneous. The transmural distribution of sarcomere shortening has a coefficient of variation of 10% (Table 1) . In subendocardial layers, shortening is larger than in subepicardial layers.
Due to a change of wall geometry, ventricular pump function is reduced in simulation sphere and remains virtually unaffected in simulation cyl. In both cases, the transmural distribution of active myofiber stress becomes less homogeneous. The difference is stress distribution with respect to simulation The changes in transmural distribution of the helix angle (simulations helix-5, helix+5, helix*1.1 and helix*0.9) hardly affect ventricular pump function. In all four cases, the transmural distribution of active myofiber stress becomes less homogeneous. The change in offset mainly affects the distribution of stress between subendocardial and subepicardial layers: a negative offset (simulation helix-5) promotes subendocardial stress while a positive offset (simulation helix+5) promotes subepicardial stress. Inhomogeneity of transmural distribution of myofiber shortening remains similar. Subendocardial shorting is increased in simulation helix-5 and decreased in simulation helix+5. The change in slope mainly affects the distribution of stress between midwall and superficial layers: increasing the slope (simulation helix*1.1) promotes midwall active stress, while a decrease of slope (simulation helix*0.9) has the opposite effect. Inhomogeneity of transmural myofiber shortening remains at the same level. The Incorporation of cross-fiber active stress development (simulation triax), hardly affects ventricular pump function. Myofiber mechanics is strongly affected: with respect to simulation ref active stress in the myofiber direction decreases by about 40%, while myofiber shortening increases by about 40%. These changes are fairly evenly distributed across the wall, as indicated by the level inhomogeneity of about 10%. Still, myofiber stress and shortening increase in the midwall layers, and decrease in the subendo-and subepicardial layers.
Making the midwall tissue less stiff than the subendo-and subepicardial tissue (simulation heter) has virtually no effect on ventricular pump function and wall mechanics.
Discussion
In the design of patient specific mathematical models of cardiac mechanics, the lack of patient specific input data leads to default settings of various model parameters. To estimate the potential errors thus introduced, in a model of LV mechanics we evaluated changes in predicted mechanics, induced by changes in geometry and myofiber orientation, and passive and active material behaviour.
The variations of geometry used in our simulations, with E cav ranging from 0.2 to 0.99, are considered to span the complete range of geometries, observed in man. In healthy subjects, the shape parameter of the left ventricle is typically on the order of E cav =0.35 [16] . In patients however, several pathologies have been identified for which left ventricular shape is significantly different from normal. In patients with idiopathic dilated cardiomyopathy for example, left ventricular geometry has been reported to be more spherical, with shape parameter E cav on the order of 0.64 [2] . Furthermore, patients with mitral regurgitation have been found to have more spherical chamber geometry both in systole and diastole [6, 22] . More cylindrically shaped hearts have been reported in chronic aortic regurgitation [1] .
The variations in myofiber orientation are 5
• in simulations helix+5 and helix-5, and 8
• at maximum in simulations helix*0.9 and helix*1.1. These variations are low as compared to the variation in reported experimental data on the helix angle [3] , and just at the level of accuracy, with which myofiber orientation can be measured in vitro, using MRI Diffusion Tensor Imaging [5, 7, 8, 15] . Measurementin vivo is less accurate and limited to low resolution [12, 17, 18] .
Thus, our results indicate that variation of the geometry across the complete range of geometries, observed in man, affects the transmural distribution of myofiber stress and shortening at the equatorial level to the same extent as variation of the helix angle at the level of the in vitro accuracy of state-of-theart measurement techniques.
The high sensitivity of LV wall mechanics to a parameter, myofiber orientation, that cannot be measured with sufficient accuracy, has led us to an inverse approach. For the normal LV, we optimized myofiber orientation such that heterogeneity in the distribution of active myofiber stress and shortening was minimized. The resulting orientation was within the range of reported experimental data [13, 14, 21] . This orientation was also used in simulation ref. The optimization strategy could also be adopted for hearts with patient specific geometries. The present simulations indicate that more spherical hearts would require a positive offset of the transmural distribution of the helix angle. For more cylindrical hearts, a negative offset would be required.
The physiological mechanism by which homogeneity of myofiber load is obtained might lie in small, random variations of the orientation of individual myofibers. Reorientation could be caused by a continuous process of creation and break down of the connections between the cell and its environment, a process has been shown to exist in the borderzone of rat myocardial infarcts [10] . In this process, the orientation which is, in some sense, optimal for the myofiber would statistically be most prevalent. The assumption that myofibers strive for the same optimum load, regardless of their position in the cardiac wall, then leads to the conclusion that heterogeneity of myofiber load is minimized.
Although development of active stress perpendicular to the myofiber direction has been experimentally measured [9] , the underlying mechanism remains unclear. The implementation of triaxial stress development in simulation triax was adopted from literature [19] and must be regarded as a best guess, considering the available data. The combination of increased contractile capacity and an unchanged LV afterload was found to increase myofiber shortening and decrease myofiber stress.
The transmural variation of passive stiffness was based on experimental data [11] . The variation in stiffness is on the order of 30% and will lead to passive stress variations of a similar magnitude. Still, during systole levels of active myofiber stress are much larger than those of passive stress. This explains why systolic LV mechanics is hardly affected in simulation heter.
Conclusion
LV geometry variations covering the biological range change the equatorial distribution of active myofiber stress and shortening by about 10 to 15%. Similar changes are found by variation of fiber orientation by 8
• at maximum. Since this change in orientation is at the edge of the accuracy, with which myofiber orientation can be measured in vitro, and far below the accuracy, obtainable for in vivo measurements, we conclude that the benefit of accounting for patient specific geometry is questionable when using experimental data on fiber orientation. We propose to select myofiber orientation such, that myofiber load is distributed homogeneously across the cardiac wall.
